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Impact of skin tone on photoacoustic oximetry
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Abstract: The major optical absorbers in tissue are melanin and oxy/deoxy-hemoglobin, but
the impact of skin tone and pigmentation on biomedical optics is still not completely understood
or adequately addressed. Melanin largely governs skin tone with higher melanin concentration
in subjects with darker skin tones. Recently, there has been extensive debate on the bias of
pulse oximeters when used with darker subjects. Photoacoustic (PA) imaging can measure
oxygen saturation similarly as pulse oximeters and could have value in studying this bias. More
importantly, it can deconvolute the signal from the skin and underlying tissue. Here, we studied
the impact of skin tone on PA signal generation, depth penetration, and oximetry. Our results
show that subjects with darker skin tones exhibit significantly higher PA signal at the skin surface,
reduced penetration depth, and lower oxygen saturation compared to subjects with lighter skin
tones. We then suggest a simple way to compensate for these signal differences.

© 2022 Optica Publishing Group under the terms of the Optica Open Access Publishing Agreement

1. Introduction

Biomedical optics play an increasingly powerful role in human health, but the impact that skin
tone and skin pigmentation have on optical imaging and diagnostics is not completely understood
or adequately addressed. Melanin governs skin tone and is a strong light-absorbing pigment;
thus, darker skin absorbs more photons leaving less light to probe the deeper tissues of interest.
The primary challenge for optical medical devices is that variations in skin pigmentation can
alter measurements between subjects in ways that the device was not designed to anticipate.
Variable melanin content/skin tone has been reported to adversely affect the performance of a
broad range of optical medical devices including pulse oximeters, [1] cerebral tissue oximeters,
[2] hyperspectral reflectance imagers, [3] bilirubinometers, [4] wearable photoplethysmography,
[5] other “wearables” in the consumer market (e.g., smart watches), [6,7] and photoacoustic
(PA) imagers. [8] In one recent high-powered example, [1] 48,000 pulse oximetry readings in
8,675 white subjects and 1,326 black subjects were compared with arterial oxygen saturation
measurements. The results, while controversial, [9] showed that Black subjects were 3.2-fold
more likely to have undiagnosed hypoxemia, and potentially not get needed supplemental oxygen.
This can lead to differences in health outcomes because Black people, Hispanics, and others
often have darker skin tones. This disparity in health outcomes illustrates the importance of
investigating the impact of skin pigmentation during, not after, medical device development.

Hypoxemia is an abnormal decrease in partial pressure of oxygen in the blood – a key
parameter in clinical decision making in diseases including cancer, [10–12] COVID, [13,14]
wound care, [15–17] chronic kidney disease, [18,19] aging, [20,21] etc. Measuring blood oxygen
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saturation (sO2) can be relatively straightforward due to the differences in absorption between
oxy-and-deoxy-hemoglobin. But melanin is also a major optical absorber in tissue. Clinically,
dermatologists use the Fitzpatrick scale to classify people with different skin tones. [22] The
Fitzpatrick scale is a numerical classification system (1 (pale white) – 6 (black/very dark brown))
to estimate the response of different skin types to ultraviolet light (Fig. 1(A)). [23] Currently, few
biomedical devices actively measure or compensate for changes in skin color between subjects.

Fig. 1. Skin tone classification. A. Classification of skin tone based on the Fitzpatrick
scale. [23] Fitzpatrick 1 is lightest and 6 is the darkest skin tone. B. Absorption coefficient
(µa in cm−1) of oxy-deoxyhemoglobin and melanin in the visible and near infrared region.
Data from ref. [25] and [24]. PA imaging was done at 690 and 850 nm. C. Nine volunteers
classified as Fitzpatrick 1, 4, and 6 were scanned at 5 locations on the left arm. D. Typical
scan of the dorsal forearm using a handheld photoacoustic transducer. Arrow annotates the
scan direction.

Tissue optical absorption is quantified by the local absorption coefficient (µa). A higher µa
means that more photons are absorbed, which reduces the light penetrance into tissue. Tissue µa
is a linear summation of the absorption of all chromophores present, weighed by chromophore
concentration, Eq. (1). Here µa denotes the absorption coefficient (cm−1); λi is the imaging
wavelength (nm); HbO2 and Hb denote oxy-and-deoxy-hemoglobin respectively. In tissue,
µa varies significantly with wavelength due to the inherent spectral absorption properties of
constituent molecules like hemoglobin and melanin (Fig. 1(B)). [24,25] Other absorbing species
in tissue include lipids, proteins, collagen, water etc. [26] But these have minimal absorption in
the biological optical window (700–900 nm). [27,28] Many biomedical optics devices do not
consider potential variation or uncertainty in µa,skin and thus unexpected differences in tissue
light transport can compromise performance of optical technologies including pulse oximetry,
fluorescence, PA, etc. [29]

µa,skin(λi) = µa,HbO2 (λi)[HbO2] + µa,Hb(λi)[Hb] + µa,melanin(λi)[melanin]+
µa, other absorbers(λi)[other absorbers]

(1)

PA produces signal as a function of µa. [30] PA imaging delivers diffused light through tissue,
where the photons are absorbed by dominant chromophores (hemoglobin and melanin) and
converted to sound waves for acoustic imaging. [27,31] The intensity of PA signal is directly
proportional to µa. [31] Vasculature and blood oxygen saturation (sO2) can be mapped in 3D
using multiple wavelengths. While many optical oximetry techniques offer an ensemble or
point-based value of oxygenation, PA imaging offers a 3D map that can measure oxygenation
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through many centimeters of tissue. [32–35] Furthermore, PA can also deconvolute the skin layer
from the tissue layer [36–38], and the first FDA-approved system was recently launched (Seno
Medical). [39–41]

This work is an observational case series that aims to measure photoacoustic signal and
oxygenation differences in healthy human subjects as a function of skin tone. We performed
PA imaging and oximetry on nine healthy volunteers with a Fitzpatrick skin type of 1,4, and
6 (Fig. 1(C)-(D); n= 3 per skin type). [23] Our data shows significant changes in PA signal
as a function of skin tone. Using the training data from the nine volunteers, we formulated a
compensation equation that was tested on new Fitzpatrick type 3 and 5 subjects. Our case series
shows that compensating for differences in skin tone is possible for photoacoustic oximetry.

2. Results

2.1. Effect of skin tone on surface photoacoustic signal

We imaged the dorsal and volar forearm and hand of nine subjects with Fitzpatrick skin type of 1,
4, and 6 (n= 3 each) (Table S1, Fig. 1(C)). The forearm and hand were selected because they have
a relatively uniform distribution of melanin (Fig. S1), are relatively flat to facilitate scanning,
and are relatively free of hair that can compromise imaging. Figure 2 shows the change in PA
intensity as a function of Fitzpatrick skin type at 850 nm. PA intensity increases significantly
(p< 0.0001, R2= 0.81) between Fitzpatrick scales 1–4 (104%) and 4–6 (47%). Subjects with
darker skin tones showed considerably more streaking artifacts, noise, and clutter (Fig. 2(D-F
and H)). [42] Within skin types, we observed significant changes (p= 0.016, Fitz. 4; p= 0.008,
Fitz. 6) in PA intensity between the dorsal and volar hand of skin types 4 and 6 (at 850 nm)
(Fig. S2). Dorsal areas were both darker and had higher signal. The dorsal and volar forearm
within skin types 1, 4, and 6 showed no significant change (p> 0.05) in photoacoustic intensity,
which is consistent with reports of similar melanin content in photo-protected skin. [43] The

Fig. 2. Photoacoustic signal at 850 nm increases as a function of skin tone. A-C.
Photographic images of the dorsal forearm of Fitzpatrick scale 1, 4, and 6 healthy volunteers.
D-F. PA and US overlay from the blue imaging plane in A-C shows increase in PA signal
and clutter from the skin surface. Yellow and green brackets mark skin and subdermal tissue
respectively. G. PA intensity is linearly correlated with skin tone on the Fitzpatrick scale
(R2 = 0.81, n = 9). H. Integrated PA intensity of 1 cm subdermal tissue shows an increase in
noise and clutter in subjects with darker skin tone. I. PA intensity is significantly different
(p< 0.05) between dorsal and volar hand in the same group (Fitz 4, and 6 n = 3 each). Error
bars represent standard deviation between the three subjects in each group, and scale bars in
D-F denote 1 cm. These images were acquired on the LED-based PA system.
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Fig. 3. High melanin in darker skin subjects obscures the underlying blood vessels in
PA imaging (850 nm). A-B. Volar forearm of a Fitz. 1 and 6 subject respectively. Blue line
are the planes imaged in panels C/D. C. Blood vessels are clearly visible in Fitz. 1 subject
because light can penetrate through the skin. D. High melanin concentration in a Fitz. 6
subject reduces penetration depth and obscures underlying blood vessels which are visible
on the US. E-F. Maximum intensity projection of all planes in the box shown as dashed
square in A/B shows the map of blood vessels on a Fitz. 1 subject. The strong surface signal
in the Fitz. 6 subject masks the vasculature underneath. These images were acquired on the
LED-based PA system.

Table 1. Correction factors for PA oximetry for
varying Fitzpatrick skin types.

Fitzpatrick Scale Correction factor Percent correction

1 0.99 −0.01%

2 1.029 2.9%

3 1.074 7.4%

4 1.118 11.8%

5 1.163 16.3%

6 1.207 20.7%

region-of-interest (ROI) outlines used for quantification can be found in the Supplement 1 (Fig.
S3).

PA imaging at 690 nm also followed an increasing trend as a function of skin type (p< 0.01,
R2 = 0.68) (Fig. S3). Although the PA signal was consistently higher at 850 than 690 nm, this
difference was not statistically significant (p> 0.05) (Fig. S3I). The slopes of PA intensity vs.
Fitzpatrick scale at 850 and 690 nm have no significant difference (p= 0.14). Depth penetration
into tissue was reduced at 690 nm as shorter wavelengths scatter more.

https://doi.org/10.6084/m9.figshare.18446954
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Fig. 4. Effect of skin tone on photoacoustic oximetry of the radial artery (690 and
850 nm). A-B. Low melanin concentration in Fitz. 1 subjects facilitates deeper and more
accurate oxygen saturation measurements. C-F. An increase in melanin concentration
in darker skin tones presents as high skin surface sO2. The high skin signal reduces
measurement accuracy in deeper blood vessels. Blue and yellow arrows point to the skin
surface and radial artery respectively. Yellow dashed region in B/D/F represents the ROI
used for saO2 measurements. There is considerably more clutter and noise in darker skin
toned subjects D and F, which obscures signal from the radial artery. G. PA measured oxygen
saturation of the radial artery decreases linearly as a function of skin tone. H. The oxygen
saturation on the skin surface increases linearly with increasing melanin concentration. I.
The bias in the PA measurement can be compensated using a correction factor defined by
the inset equation. J. The pulse oximeter shows no significant differences in sO2 between
different skin types contradicting the NEJM article. [1] But this study was done on a younger,
healthier, and smaller cohort of patients. PA showed significant reduction in saO2 for Fitz. 4
and 6 subjects due to increased melanin absorption at the skin surface. The pulse oximeter
measures sO2 peripherally where skin is thinnest compared to the radial artery where skin is
considerably thicker. Scale bars measure 0.5 cm. error bars represent standard deviation
between three subjects. These Images were acquired on the LED-based PA system.

2.2. Effect of skin tone on photoacoustic depth penetration

We also investigated the effect of skin tone on penetration depth to visualize deep blood vessels
beneath the skin (Fig. 3). Blood vessels were easily mapped in the subject with Type 1 skin
(Fig. 3(C) and (E)), but the high surface absorption in the Type 6 subject reduced light penetrance
and thus contrast detectability of the underlying blood vessels (Fig. 3(D) and (F)). With the skin
signal removed the signal-to-noise ratio for Fitz. 1 was 12.6 dB and Fitz. 6 was 3.2 dB (Fig.
S4). Furthermore, a power analysis with 9 subjects and a null hypothesis that the true mean
photoacoustic signal between each of the Fitzpatrick skin tone groups are equal shows 88% power
in our study (alpha= 0.05, Fig. S5).

2.3. Photoacoustic oximetry of the radial artery

Clinically, the radial artery is a commonly used sampling site for blood gas measurements.
[44] The radial artery should also include highly oxygenated blood in these healthy subjects
(All subjects enrolled in this study had an sO2 range between 96–100% measured via pulse
oximetry (Table S1). Hence, we used PA imaging to non-invasively measure arterial sO2 in
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Fig. 5. Compensating for differences in skin tone for photoacoustic oximetry. A-B. PA
oximetry of the left radial artery in Fitz. 1 and 5 subjects respectively. The darker skin toned
subject showed reduced sO2 readings even though pulse oximetry measured 98% saturation
in both cases. C. The previously defined correction factors were able to compensate for lack
of signal in both subjects. Images were acquired at 690 and 850 nm. Standard deviation
is measured over 30 frames. Yellow dotted circles outline the ROI for saO2 quantification.
Yellow arrow marks the radial artery. Scale bar measures 0.5 cm. These Images were
acquired on the LED-based PA system.

the radial artery as a function of skin tone. The position of the radial artery was confirmed
using doppler-ultrasound (Fig. S6), and arterial pulsation was visible on conventional grayscale
ultrasound (US). We used a combination of 850 and 690 nm illumination on the LED-based PA
system to measure oxygen saturation.

Subjects with darker skin tones showed significantly lower PA saO2 (Fitz. 4: −7.98%; Fitz
6: 18.2%) compared to pulse oximetry (p< 0.01) (Fig. 4). The increase in melanin content in
subjects with darker skin tones linearly increases the perceived sO2 at the skin surface (Fig. 4(H)).
The PA sO2 measurements from the nine subjects were used as a training set to formulate a skin
tone compensation equation (inset Fig. 4(I)). We assumed that the pulse oximeter readings were
the ground truth and defined a correction factor to compensate for the deviated measurements
using PA (Fig. 4(I)). The compensation factor was defined as a ratio between the pulse oximeter
sO2 (%): PA measured saO2 (%).

While a recent NEJM article showed a bias in pulse oximetry measurements, [1] in our
case series, pulse oximeter measurements showed no significant differences between different
Fitzpatrick skin types (Fig. 4(J)). This could be due to a small sample size and because we only
measured young and healthy volunteers (mean age: 26.7± 3.7 years; BMI range: 19-24 kg/m2).
The PA sO2 measurements were significantly lower compared to pulse oximetry for darker skin
types (p< 0.01) (4 and 6, Fig. 4(J))

2.4. Compensating for differences in skin tone for photoacoustic oximetry

The equation in Fig. 4(I) defined the correction factor for all Fitzpatrick skin types listed in
Table 1. We tested these values in 2 new subjects with a Fitzpatrick rating of 3 and 5 (Fig. 5).
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The darker Fitzpatrick type 5 subject showed a significantly lower saO2 reading compared to the
lighter Fitzpatrick type 3 subject (p< 0.001). Using the correction factors defined in Table 1, we
were able to compensate for skin absorption and amend measurements to within ±2.24% error
compared to the pulse oximeter (Fig. 5(C)). The corrected sO2 is a product of the PA saO2 and
the correction factor for the Fitzpatrick skin type.

2.5. Difference in LED or Laser-based photoacoustics

Finally, we studied the effect of the illumination source (LED vs. laser) on photoacoustic
evaluation of different skin tones. The LED source operates at a 100-200-fold lower energy
compared to the laser. [45] The laser-based PA of the skin surface showed a positive correlation
(R2 = 0.70, p< 0.001) similar to the LED-based PA. There was a 12.5% and 71.1% increase in
PA signal between Fitzpatrick type 1–4 and 4–6 subjects respectively (Fig. S7).

PA oximetry using the laser-based system was done at 850 and 750 nm. The sO2 measurements
are independent of the imaging wavelengths. Like the LED system, the laser-based system also
showed a decrease in radial artery oxygenation for darker subjects (Fig. S8). The absorption by
melanin in the Fitzpatrick type 6 subject was so high that the PA saO2 dropped to 1.3%. The
Fitzpatrick 1 subject also showed a lower saO2 (59.2%) in comparison to the LED-system (97.8%).
This could be because of the reconstruction algorithms used to reduce noise and calculate sO2.
[46]

3. Discussion

The young and healthy subjects recruited in this study had no previous history of cardiovascular
disorders and were not on any medications that altered their oxygenation and perfusion status.
Hence, the main significant difference between subjects with varying Fitzpatrick skin types
was the concentration of melanin in their skin. Melanosomes are subcellular organelles that
synthesize and store melanin. Studies have shown that subjects with darker skin tones have
significantly more isolated, larger, and higher concentrations of melanosomes than subjects
with lighter skin tones. [47,48] The larger and more concentrated melanosomes increase the
absorption cross section of melanin resulting in enhanced light absorption (higher µa of melanin
in Eq. (1). The increase in melanin µa leads to higher PA signal at the skin surface and reduced
depth penetration. Furthermore, larger melanosomes in darker subjects (1.44± 0.67 µm2, from
Thong et al. [48]) tend to scatter more near infrared light (NIR) than smaller melanosomes
(0.94± 0.48 µm2, from Thong et al. [48]) found in lighter skin toned patients.

PA imaging relies heavily on NIR illumination, [49] and thus increased scattering in this region
further impedes light penetration through tissue. [50] With fewer photons making it through the
skin in darker subjects, PA depth penetration is also reduced. The strong skin absorption and PA
in Fitzpatrick type 6 subjects makes it difficult to visualize underlying vasculature (Fig. 3(D)/F).
Even in Fitzpatrick 1 subjects, PA imaging with 690 nm did not penetrate deeper than the skin
surface (Fig. S3D) as melanin has a higher µa at 690 nm (Fig. 1(B)). [24] Time gain compensation
to boost deeper signals coupled with noise reduction algorithms could help perform deeper PA
imaging. [51] The smaller melanosomes in darker subjects could also enhance PA by increasing
the surface area to volume ratio of the melanosomes. (Increasing surface-area-to-volume ratios
is known to result in PA enhancement. [31,52])

The increase in PA at the skin surface in darker subjects results in streaking and clutter artifacts
(Fig. 2(D)-(F)). Although there is reduced light penetrance through the skin, subdermal (1 cm
under skin surface) PA signal is significantly higher in Fitzpatrick type 6 than type 1 subjects
(p< 0.01). The increased subdermal PA signal is attributed to streaking and clutter artifacts.
The use of a single linear array of transducers and the presence of strong absorbers like melanin
in darker subjects results in streaking artifacts. [42] Streaking artifacts can be reduced using
filtered back projection or PA computed tomography. [53] Clutter is a phenomenon caused by
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multipath reverberations or off-axis scatterers. It leads to a static cloud of echo signals occluding
the tissue regions of interest. [42,54,55] Higher PA signal in darker subjects leads to stronger
reverberations and increased clutter in subdermal tissue. Furthermore, streaking and clutter cloak
physiological PA signals from blood vessels making it difficult to differentiate between signal
and noise (Fig. 2(E)-(F)). This cloaking is only exacerbated during PA oximetry that combines
data from two wavelengths (Fig. 4(B/D/F)). Fluence correction, [56] plane wave ultrasound from
different angles, [57] focused ultrasound, [58] spatial weighting, [59] and deep learning [45]
have shown promise in reducing noise and clutter in PA images.

The sO2 measurements are dependent on PA signal at both 850 and 690 nm, the lack of PA
depth penetration at 690 nm results in erroneous sO2 readings. Furthermore, the increase in
clutter and noise in darker skin toned subjects also interferes with their saO2 evaluation (Fig. 4(B,
D, and F)). The clutter in Fitzpatrick type 4 and 6 subjects makes ROI analysis difficult. Due to
these perturbations, darker skin toned subjects show false signs of hypoxemia.

Pulse oximetry is a cheap, quick, and non-invasive oxygenation measurement technique but is
limited to only peripheral sO2 measurements where skin is relatively thin. [60] The arterial blood
gas test is the most accurate way of determining the partial pressure of oxygen in blood, but is an
invasive technique often resulting in various complications ranging from spasms, occlusions,
infections etc. [61] PA imaging is advantageous because it is provides non-invasive local oxygen
saturation and tissue perfusion map in real time. It is important to assess oxygen saturation
locally to better understand the diseased state and to take more informed clinical decisions.

Other optical oximetry techniques such as pulse oximeters are often calibrated with a wide
range of skin types, but the measurement inherently discards the concentration and µa of melanin
and other absorbers in Eq. (1), resulting in erroneous readings. [62,63] Although a short case
series, this study shows that skin tone has a significant impact on the interaction of light with
tissue, and that it must be studied in more detail.

Compensating for the under reporting of saO2 in higher Fitzpatrick skin type subjects is a
critical finding. The equation and correction factors in Fig. 4 and Table 1 represent a small cohort
of subjects. Nevertheless, this proof-of-concept study shows that compensating for different skin
tones could be as simple as a software update for these imaging systems. Future work will evaluate
these conclusions in larger cohorts including subjects with arterial blood gas measurements.
Ideally, we would objectively measure skin color using a colorimeter or reflectance spectroscopy
before any clinical measurements. [64] This color measurement would further inform the image
processing tool to compensate for changes in signal due to skin color by changing the weights for
PA signal at each imaging wavelength.

Finally, the difference in oximetry results using the LED-based and laser-based systems
could be explained by the different absorption spectra of oxy-deoxy-hemoglobin used by these
commercial systems. [46] The laser-based system consistently under reports oxygenation values,
but follows the same trends of decreasing saO2 as a function of Fitzpatrick skin type.

4. Methods

4.1. Subjects

This work was performed in compliance with the ethical rules for human experimentation stated
in the 1975 Declaration of Helsinki and approved by the University of California San Diego’s
Human Research Protections program. Eleven volunteers were recruited for this study. Subjects
signed an informed written consent prior to participation. Inclusion criteria were (i) subjects
>18 years old and able to provide informed written consent, (ii) pulse oximetry reading >96%
on the left index finger at rest, [65] and (iii) a body mass index ranging from 18.5–25 kg/m2. [66]
Exclusion criteria were (i) subjects with known cardiovascular disease history, (ii) on medications
that alter hemodynamic status such as blood pressure, oxygenation etc. (iii) presence of wounds
in the imaging area, and (iv) previous history of skin disorders.
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All subjects were scanned over five locations on the left arm: (i) dorsal forearm, (ii) dorsal
hand, (iii) volar forearm, (iv) volar hand, and (v) radial artery. An area measuring approximately
4 cm x 3 cm was scanned at imaging spots i – iv. The radial artery oxygenation was scanned in
a single imaging plane. Before scanning, the imaging area was cleaned using alcohol. Pulse
oximetry was done using a finger pulse oximeter from ZAcurate, Texas, USA. Subjects were
classified into different Fitzpatrick skin types subjectively by Y.M. and objectively using the ITA
scale. The calculations for determining ITA score can be found elsewhere. [67] The skin color
quantification was done using a commercially available WR10QC portable colorimeter from Fru,
China. The colorimeter used a D65 light source, CIE 10° observer, and measured CIEL*a*b
color space.

4.2. Photoacoustic–ultrasound imaging

We used two commercially available PA imaging systems: one LED-based and one laser-based.
The LED-based system was the AcousticX from Cyberdyne Inc., Tsukuba, Japan. The AcousticX
system uses two LED-arrays operating with a pulse width of 70 ns and 4 KHz repetition rate.
The illumination wavelengths used for imaging points i – iv were 850 and 690 nm separately.
The radial artery was imaged using a combination of 850 and 690 nm illumination to measure
oxygen saturation. The AcousticX employs a 128-element ultrasound transducer operating at a
central frequency of 9 MHz, bandwidth of 80.9%, and with a 4-cm field-of-view. We used the
proprietary AcousticX software for image acquisition and visualization.

The laser-based system was the VisualSonics Vevo 2100 LAZR from FUJIFILM VisualSonics
Inc., Toronto, Canada. We scanned with a LZ250 transducer with a central frequency of 21 MHz.
Images were acquired at 850 and 690 nm. PA spectra was acquired between 680–970 nm with a
step size of 2 nm. PA oximetry was carried out using the in-built OxyHemo function using 750
and 850 nm illumination. Doppler imaging on this system was used to confirm the position of
the radial artery.

We used sterile ultrasound coupling gel (Aquasonic 100, Parker Laboratories Inc. Fairfield
NJ, USA) for coupling with the skin surface. All images were acquired at 30 frames/s. Image
acquisition settings such as gain, dynamic range, and averaging were kept consistent for each
machine between all Fitzpatrick skin types. A minimum of 80 frames were acquired for each
scan. All scans were done using a hand-held transducer in a proximal-distal direction.

4.3. Image processing

All the image processing was done using Fiji, an ImageJ extension, version 2.1.0/1.53c. Data was
plotted using Prism version 9.0.0. A minimum of 80 frames were processed for each scan. For the
two wavelengths (690 and 850 nm), we processed a minimum of 640 frames for regions i-iv. For
the radial artery, a minimum of 30 frames were acquired. Both the LED and laser-based systems
acquire oximetry images in a step-by-step function of PA at wavelength 1–2 followed by B-mode
US. Internally, the processing is done using a pixel-by-pixel analysis using the manufacturer’s
software and algorithms. The LED-based system does offer more control over weighing signal
from each wavelength and the extinction coefficients of oxy-deoxy-hemoglobin that can help to
correct for differences in skin absorption.

Data was quantified using custom ROI analysis for each 80-frame scan. We drew ROIs for
skin signal generation as shown in Fig. S3. The ROI outline followed the contour of the skin,
and we quantified the mean PA intensity within the ROI. We were careful to include only the
skin surface using the B-mode US. The ROI was dynamically changed for every frame of the
scan. To quantify subdermal PA signal, we drew a standard ROI measuring 1 cm deep and 4 cm
wide. This ROI was held constant throughout the 80 frames while ensuring exclusion of the skin
surface. We quantified the integrated PA intensity, i.e., the sum of all pixel intensities within the
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ROI. The integrated intensity was chosen to quantify net noise and clutter, and reduce the effect
of dark pixels on the PA.

To measure oxygen saturation, we drew custom ROIs on the oximetry images taken under
default settings from both scanners. We averaged the saO2 across 30 frames. PA at the superior
edge of the vessel was representative of the arterial sO2 (Fig. 4).

The compensation equation was formed by plotting the compensation factor vs. the Fitzpatrick
scale. The compensation factor was defined as the ratio between pulse oximetry sO2 and PA
saO2. We calculated a unique compensation factor for each subject. The compensation factor for
each skin type was an average of three subjects. The correction factors for all the Fitzpatrick
types were calculated by solving the compensation equation. The correction factors were then
tested on two new subjects (Fitzpatrick types 3 and 5).

4.4. Statistics

The error bars in all plots represents standard deviation. Standard deviation in grouped analysis
of n= 9 for Fitzpatrick types 1, 4, and 6 (3 each) was propagated from each patient where we
quantified a minimum of 80-frames each. A simple linear regression was fit to the data measuring
changes in PA signal and saO2 as a function of Fitzpatrick skin type. All significance testing was
done using a 2-tailed, unpaired student’s t-test; p-value < 0.05 was considered significant.

5. Conclusion

The effect of skin tone on PA imaging was explored in this study. Our findings show that subjects
with darker skin tones show increased absorption of light at the skin surface. This increase in
surface absorption leads to reduced penetration depth and obscures underlying blood vessels.
PA imaging is an ideal tool to study the transportation of light through tissue, because it can
deconvolute signal from the skin surface. PA oximetry of the radial artery showed that under the
same imaging conditions, subjects with darker skin tones exhibit lower arterial oxygen saturation.
This technical bias was attributed to the increase in melanin concentration in darker subjects.
The bias against darker skin toned subjects could be easily corrected by formulating an equation
describing the change in oxygen saturation as a function of Fitzpatrick skin type. This correcting
equation was able to compensate for the reduced PA signal in two test subjects with <2% error
compared to pulse oximeter readings. Finally, the use of two independent PA systems confirmed
our trends and showed that the laser-based system had an even more profound impact on PA
oximetry compared to the LED-based system.
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